Purpose: We developed a noninvasive method using magnetic resonance (MR) imaging to measure diŠerences in intravascular and intracardiac pressure, and we investigated the feasibility of the method's use in a pulsatile ‰ow phantom and human studies.
Introduction
Measurement of pressure variations within the vessels and cardiac chambers could provide important information for clinically assessing cardiovascular function. The severity of valvular and vascular stenoses is evaluated by the decline in pressure over constrictions. Changes in theˆlling pressure of the heart have profound eŠects on both systolic and diastolic e‹ciency. [1] [2] [3] [4] [5] [6] Blood pressure is commonly measured with highdelity pressure transducers that measure the systolic and diastolic pressure at speciˆc locations in the cardiovascular system. 7, 8 Although these methods have been the gold standard for our understanding of these important pressure dynamics, they are expensive, not readily repeatable, and associated with the risks of radiation and vascular invasion. On the other hand, ‰ow imaging techniques, such as velocimetry using phase-contrast magnetic resonance imaging (PC-MRI), may enable noninvasive measurement and mapping of blood pressure in cardiac cavities and thereby reduce the costs and risks associated with catheterization. Therefore, we developed a noninvasive method to measure intravascular and/or intracardiac pressure diŠerences using MR imaging, validated the method's accuracy and reliability by comparing data obtained using a pulsatile ‰ow phantom and theoretically, and investigated the method's usefulness in human studies.
Theory

Calculation of pressure gradients
The law of``conservation of momentum'', which is described by the Navier-Stokes equations, governs ‰uid motion. When we assume that the ‰uid is incompressible and Newtonian and that body forces such as gravity can be neglected, the Navier-Stokes equations take the form: 9 ;P＝-r Ø &v &t ＋v･;v » ＋m;
where r is the density of ‰uids (blood in this study), v is velocity vectorˆeld, t is imaging time, and m is viscosity. Theˆrst term on the right-hand side results from the transient and convective inertia. The second term on the right-hand side describes the viscous resistance. In this study, we assumed r to be 1.105 g/cm 3 and m be 0.04 poise for blood.
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When we refer to x, y, and z directions, Eq. (2) is obtained from Eq. (1) as:
where the xi′ s are the x-, y-, and z-axes in the image frame and the ni′ s are the corresponding velocities.
To calculate pressure gradients within a single (x, y) plane, the Navier-Stokes equations can be expressed in terms of the 2 orthogonal in-plane contributions as: Equations (3) and (4) show that a transient inertia term; x-, y-, and z-convective inertia terms; and x-, y-, and z-viscous terms contribute to each in-plane pressure gradient.
By measuring the velocityˆeld, we can obtain the x-and y-pressure gradients by solving Eqs. (3) and (4) . In this study, we measured the x-, y-, and z-velocity components using PC-MRI.
To solve Eqs. (3) and (4) numerically, we used theˆrst-and second-order central diŠerence discretization methods.
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We calculated the transient and convective inertia terms using theˆrst-order central diŠerence discretization method and the viscous terms using the second-order central diŠerence discretization method. It should be noted that it is necessary to acquire multi-slice velocity data in the z direction to calculate the z-convective inertia term and z-viscous term using theˆrst-and second-order central diŠerence discretization methods.
Calculation of pressure diŠerences
For all experiments, we calculated the pressure diŠerences (DP) by directly integrating the in-plane pressure gradients over space as:
The constant of integration in Eq. (5) is equal to the absolute pressure, which cannot be derived from the calculated pressure gradients. To evaluate Eq. (5) for a given path of integration, the selected path is divided into linear segments, each having a vector length deˆned by: dx＝Dxj and dy＝Dyj. The calculated pressure gradientˆelds, that is, &P/&x and &P/&y, are resampled to the center of each linear segment, and the total drop in pressure across all the segments is calculated as a summation:
Axisymmetric stenosis model for pressure diŠer-ence estimation The hemodynamic model of Back and associates, 12 a potential alternative for estimating the pressure diŠerence at a stenosis, has been investigated and can be used as an idealistic model of a stenotic artery. This model was intended to be applied to the coronary arteries, in which the vessel was assumed to be axisymmetric with uniformly tapered converging and diverging regions of the stenosis (Fig. 1) . Under these conditions, the mean pressure diŠerence at the stenosis can be approximated from the ‰uid properties, vessel dimensions, and ‰ow rate as: 12, 13 area proximal to the stenosis, Am is the area at the neck of stenosis, n is the kinematic viscosity of ‰uid, and b is the momentum coe‹cient. Is is the shear force integral given by:
where dm is the diameter at the neck of stenosis. Like Shalman's group, 13 we herein assumed b to be unity, and we obtained Q by multiplying the area of the vessel by the average velocity measured by PC-MRI. We used this model as a theoretical solution to validate our method.
Materials and Methods
Pulsatile ‰ow phantom
We manufactured a pulsatile ‰ow phantom to study the pressure changes in pulsatile blood ‰ow across various vascular pathologies, such as stenosis and aneurysm. Figure 2a is a schematic diagram of the manufactured pulsatile ‰ow phantom; Fig.  2b is a photograph of the pump used in the phantom. The phantom consists of a ‰ow simulator, which is a positive displacement pump (Fig. 2b ) that can produce steady and pulsatile ‰ows with various cycle durations by the rotation of an eccentric cam. Changing the cam's size enables variation of the rate of ‰ow. The electric pulse synchronized with the rotation of the cam is generated and input into the MR imaging system for gating the acquisitions to this cycle. The glass-tube phantom simulating a blood vessel is enclosed in a box-shaped reservoir of water that sits inside a cardiac coil during MR imaging.
Phantom studies
We also manufactured glass-tube phantoms simulating various vascular pathologies (Fig. 3a) . Stenosis was modeled as a symmetric, spindleshaped narrowing in a rigid pipe with straight entrance and exit tubes. A straight, rigid glass tube was placed upstream of the test section to ensure a fully developed laminar ‰ow at the entrance of the model. In this study, we used straight glass-tube phantoms with stenosis rates of 0z, 45z, and 65z. Stenosis rate was deˆned as: (An-As)/An× 100(z), where An represents the cross-sectional area at non-stenosis and As, at stenosis. Therefore, the straight glass-tube phantom with a stenosis rate of 0z corresponds to that without stenosis.
In addition to the stenosis model, we also manu- factured straight glass-tube phantoms with bulges simulating aneurysms with radii of 1, 1.5, and 2 cm (Fig. 3b ) and U-shaped glass-tube phantoms simulating the aortic arch with curvature radii of 1.5, 2.5, and 3.5 cm (Fig. 3c) . In the stenosis model, we estimated the pressure diŠerences between the straight region and the neck of stenosis, and in the aneurysm model, between the straight region and the middle of bulge. The paths of integration for calculating the pressure diŠerences and the positions at which the velocities were measured in these models are also illustrated (Figs. 3a and 3b ). For the U-shaped glass-tube phantom, they are illustrated in Fig. 3c .
The test section of the pulsatile ‰ow phantom (water bath enclosure in Fig. 2a ) was placed in a cardiac coil inside a 1.5T MR imaging system (Signa Horizon LX, GE Medical Systems, Milwaukee, Wisconsin, USA). We performed PC-MRI scans using prospective electrocardiogram (ECG) gating (prospective ECG-triggered PC-MRI). The imaging parameters in the phantom studies were: slice thickness＝2.0 mm, ‰ip angle＝20 degrees, echo time (TE)＝4.9 ms, repetition time (TR)＝9.4 ms,ˆeld of view (FOV)＝250 mm, number of signals averaged＝4, and number of time frames in one ECG cycle＝20.
We set velocity encoding (Venc) at values ranging from 150 to 550 cm/s, depending on the phantom and ‰ow rates. Venc was set to 150 cm/s for the straight glass-tube phantom without stenosis, to 300 cm/s for cases with stenosis of 45z, and to 550 cm/s for cases with stenosis of 65z. For the straight glass-tube phantom with bulge, Venc was set to 150 cm/s regardless of the radius of the bulge. For the U-shaped glass-tube phantom, Venc was set to 300 cm/s for cases with curvature radii of 1.5 cm, 250 cm/s for those of 2.5 cm, and 250 cm/s for those of 3.5 cm.
Although the precise locations of measurement planes were case dependent, we tried to select the phase-encode direction perpendicular to ‰ow in all cases.
Human studies
We performed multi-slice cine PC-MRI on the cardiac chamber and aortic arch of a normal volunteer (male, aged 24 years) who had no contraindications for MR imaging. Before scanning, we obtained informed consent after detailed explanation of the purpose and the procedures of the study.
In the cardiac chamber, we collected 3 velocity components for each slice. We used sagittal and long-and short-axis, multi-slice localizers to prescribe various 2-and 3-chamber long-axis views for the prospective ECG-triggered PC-MRI scans. Using the basal short-axis images at the level of the mitral valve plane, we prescribed the 3-chamber views used for visualizing the in-and out‰ow tracts.
In the aortic arch, we collected 3 velocity components for each slice. We used axial, sagittal, and coronal multi-slice localizers to prescribe the longaxis views of the aortic arch for the prospective ECG-triggered PC-MRI scans.
The parameters for imaging the cardiac chamber were: slice thickness＝8.0 mm, ‰ip angle＝20 degrees, TE＝3.3 ms, TR＝6.8 ms, FOV＝320 mm, number of signals averaged＝4, number of time frames in one ECG cycle＝20, and Venc＝150 cm/s.
The parameters for imaging the aortic arch were: slice thickness＝5.0 mm, ‰ip angle＝20 degrees, TE ＝3.4 ms, TR＝6.9 ms, FOV＝360 mm, number of signals averaged＝4, number of time frames in one ECG cycle＝20, and Venc＝150 cm/s. Figure 4a shows an example of the paths of integration for calculating the pressure diŠerences in the out‰ow tract of the left ventricle (LV) and Fig.  4b that in the in‰ow tract. Figure 5 shows an example of the paths of integration for calculating the pressure diŠerences and the positions at which the velocities were measured in the aortic arch.
To calculate the pressure gradient, we calculated 
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the z-viscous terms in Eqs. (3) and (4) numerically using the second-order central diŠerence disretization method, as previously described. Successful calculation of the z-viscous terms requires at least 5 slices in the z direction, but it was di‹cult to acquire su‹cient slices to calculate the pressure gradient within a reasonable acquisition time. In addition, the contribution of the viscous terms to the pressure gradient was small. 14 Thus, in this study, the z-viscous terms in Eqs. (3) and (4) were neglected in human studies. Figure 6a shows the pressure diŠerences between the up-and downstreams and Fig. 6b the velocities at the up-and downstreams in the straight glasstube phantom without stenosis as a function of time. The upstream corresponds to the straight region, and the downstream corresponds to the neck of stenosis in the straight glass-tube phantom with stenosis. Theseˆgures show that when the velocity gradient was large, the absolute value of the pressure diŠerence tended to enlarge. Figure 7a shows the pressure diŠerences between the straight region and the neck of stenosis and Fig.  7b the velocities at the straight region and the neck of stenosis in the straight glass-tube phantom with 45z stenosis. Figures 7c and 7d show stenosis of 65z. For comparison, the pressure diŠerences obtained theoretically using the axisymmetric model of the arterial stenosis, 12 i.e., Eq. (7), are also shown in Figs. 7a and 7c. Figure 7a shows that the pressure diŠerences estimated with our method agreed well with the theoretical values, suggesting the validity of our method. However, when stenosis was 65z, some diŠerences between them were apparent (Fig. 7c) . Figure 8a shows the pressure diŠerences between the straight region and the middle of bulge and Fig.  8b the velocities at the straight region and the middle of bulge in the straight glass-tube phantom with bulge with a radius of 1 cm as a function of time. As shown in theseˆgures, the phase shift in the time-velocity curve was observed between the straight region and the middle of bulge. The absolute value of the pressure diŠerence tended to en- large when the above phase shift was large. Similar results were obtained when the bulge radius was 1.5 or 2 cm (data not shown). Figure 9a shows the pressure diŠerences through Paths 1, 2, 3, and 4 ( Fig. 3c) and Fig. 9b the velocities at Positions 1, 2, 3, 4, and 5 ( Fig. 3c) in the Ushaped glass-tube phantom with a curvature radius of 1.5 cm as a function of time. Theseˆgures show that the pressure diŠerence tended to change with time nearly symmetrically between in-and out‰ow. In addition, when the diŠerence in velocity between the corresponding positions was large, the absolute value of the pressure diŠerence tended to increase. Similar results were obtained with curvature radii of 2.5 or 3.5 cm (data not shown). Figure 10a shows the pressure diŠerences estimated through Paths 1, 2, and 3 in the out‰ow tract of the LV of a normal volunteer (Fig. 4a) and Fig.  10b those in the in‰ow tract (Fig. 4b) . Theˆgures show that the pressure diŠerence increased during ejection (between approximately 0.2 and 0.4 s in Fig. 10a ) and lateˆlling (between approximately 0.7 and 0.8 s in Fig. 10b ), but dropped during earlŷ lling (between approximately 0.4 and 0.6 s in Fig.  10b ). These results resembled the pressure-diŠer-ence patterns observed in healthy subjects using velocities measured with Doppler echocardiography. 15, 16 Figure 11a shows the pressure diŠerences through Paths 1, 2, 3, and 4 ( Fig. 6 ) in the aortic arch of a normal volunteer, and Fig. 11b shows the velocities at Positions 1, 2, 3, 4, and 5 (Fig. 6 ). Thê gures show that when the diŠerence in velocity between the corresponding positions was large, the absolute value of the pressure diŠerence tended to enlarge.
Results
Phantom studies
Human studies
Discussion
In this study, we demonstrated a noninvasive method for measurement of the diŠerences in intravascular and intracardiac pressure from velocity T. Nagao et al.
Magnetic Resonance in Medical Sciences
components measured using PC-MRI. To investigate the method's feasibility, we measured the pressure diŠerences in straight glass-tube phantoms with various degrees of stenosis and bulge and in Ushaped glass-tube phantoms under pulsatile ‰ow. Furthermore, we measured the pressure diŠerences in the LV and aortic arch of a human volunteer. To validate our method, it appears necessary to compare the pressure diŠerences estimated with our method with those measured using catheterization with high-ˆdelity pressure transducers, a method considered as the gold standard for pressure measurement. However, it was di‹cult to accurately register the locations of the pressure measurement using pressure transducers with those at which the velocities were measured using PC-MRI for calculating the pressure diŠerences. Furthermore, artifacts from pressure measurement caused by the presence of catheters could not be neglected, especially in areas of stenosis. Therefore, we compared the pressure diŠerences estimated with our method with those obtained theoretically using an axisymmetric model of arterial stenosis 12 and found good agreement between them at 45z stenosis (Fig.  7a) , suggesting the validity of our method. However, with stenosis of 65z, we observed some differences between them (Fig. 7c) . The model of Back's group 12 , i.e., Eq. (7), assumes no local ‰ow disturbance in the constricted and narrow regions. Thus, the discrepancy observed in Fig. 7c may result from the assumption's invalidity when stenosis is great. As Back's team pointed out, 12 the momentum coe‹cient [b in Eq. (7)] changes depending on the velocity proˆle. When the velocity proˆle is parabolic, b is 4/3. The eŠect of localized constriction causes relatively large increases in velocity along the proximal side of the stenosis, and viscous eŠects are conˆned to the near wall region. In these cases, the velocity proˆles tend to become steeper in the wall region and more uniform in the core ‰ow 17 so that values of b are less than 4/3 and approach 1. Thus, we assumed that the momentum coe‹cient was unity in this study. However, the momentum coe‹cient might be largely diŠerent from unity when the stenosis rate is large and there is local ‰ow disturbance. This may also underlie the discrepancy observed in Fig. 7c . Figure 10 shows that the patterns of pressure diŠerence in the LV obtained by our method were similar to those obtained by Doppler echocardiography. 15, 16 This also appears to validate our method.
Our preliminary results suggest that our method can be applied to large vessels and chambers such as the aorta and LV. However, our method may be di‹cult to apply to small and/or complicated vessels and chambers at the moment, and there are issues to be solved regarding the strategies of numerical analysis and/or data acquisition. As previously described, the convective inertia and viscous terms in the Navier-Stokes equations are calculated using theˆrst-and second-order central diŠerence discretization methods. 11 Therefore, to achieve reasonably accurate numerical calculations, the number of data used in the numerical calculations should be enough, and the width of diŠerence should be su‹ciently small. In the case of small and/or complicated vessels and chambers, however, these will not always be guaranteed. Although the number of data and/or slices could be increased, this would considerably prolong data acquisition and thereby increase the burden on patients. Furthermore, within the regions of interest, turbulence might occur in complicated vessels and cause ‰uc-tuations in velocity components in diŠerent directions. Thus, we should pay attention to these factors when applying our method to such cases.
Because it is well known that in signal and image processing, diŠerentiation considerably ampliˆes noise, accurate computation of the pressure gradient requires high signal-to-noise ratio (SNR) of ‰ow images. Thus, further investigation is required to establish the optimum parameters for performing PC-MRI to estimate pressure diŠerences more accurately.
In this study, when measuring pressure diŠer-ences in human studies, we neglected the z-component of the viscous terms, as previously described. Because the contribution of the viscous terms to the pressure gradient was small, 14 neglecting the z-component of the viscous terms might not cause large errors in the estimation of pressure diŠerences.
As previously described, when deriving the Navier-Stokes equations given by Eq. (1), the rheological behavior of blood was modeled as a Newtonian ‰uid, which is a reasonable approximation for blood ‰ows in large arteries. 18 When solving Eq. (1) , the values of the density and the viscosity of the blood should be given. In this study, we used the values in the literature 10 because they are generally used. However, their use in clinical settings may cause errors in calculation of pressure diŠerences. To increase measurement accuracy, it may be necessary to use the values of the density and viscosity of the blood sampled from each individual instead of using the standard values.
As in other methods using velocity maps, 15, 16 it is necessary toˆx a constant pressure value arbitrarily to obtain the absolute pressure value, and this is a weakness of our method. Methods to measure absolute pressure noninvasively require further study.
Although our method has some limitations and requires improvement as mentioned, it appears to be a useful alternative to catheterization for noninvasively measuring diŠerences in intravascular and intracardiac pressure and, as such, will reduce costs and risks.
We intend to investigate the stability and reproducibility of our method in human studies and its feasibility for assessing clinically relevant phenomena such as ‰ow-limiting stenosis and altered left ventricularˆlling in the presence of diastolic dysfunction.
Conclusion
We developed a noninvasive method using MR imaging that we used successfully to measure diŠer-ences in intravascular and intracardiac pressure.
